Abstract-The mechanical properties of tissues can provide valuable information about tissue integrity and health and can assist in detecting and monitoring the progression of diseases such as keratoconus. Optical coherence elastography (OCE) is a rapidly emerging technique, which can assess localized mechanical contrast in tissues with micrometer spatial resolution. In this paper, we present a noncontact method of OCE to evaluate the changes in the mechanical properties of the cornea after UV-induced collagen crosslinking. A focused air-pulse induced a low-amplitude (micrometer scale) elastic wave, which then propagated radially and was imaged in three dimensions by a phase-stabilized swept-source optical coherence tomography system. The elastic wave velocity was translated to Young's modulus in agar phantoms of various concentrations. Additionally, the speed of the elastic wave significantly changed in porcine cornea before and after UV-induced corneal collagen crosslinking (CXL). Moreover, different layers of the cornea, such as the anterior stroma, posterior stroma, and inner region, could be discerned from the phase velocities of the elastic wave. Therefore, because of noncontact excitation and imaging, this method may be useful for in vivo detection of ocular diseases such as keratoconus and evaluation of therapeutic interventions such as CXL.
I. INTRODUCTION
A SSESSING the biomechanical properties of tissues can provide valuable information for detecting the onset and progression of several diseases such as fibrosis [1] , atherosclerosis [2] , and cancer [3] . Various elastographic techniques have been developed to achieve this task, such as magnetic resonance elastography (MRE) [4] and ultrasound elastography (USE) [5] . MRE and USE utilize the corresponding imaging modality (MRI and US, respectively) to measure externally induced displacements. By combining these measurements with mechanical models, tissue biomechanical properties can be quantitatively characterized. MRE and USE have proven to be extremely valuable in many clinical applications, such as for detecting liver [1] and thyroid [6] diseases. However, MRE and USE cannot provide micrometer scale mechanical contrast and require large displacements to produce a detectable signal. These limitations restrict their use in applications of small and thin samples such as the cornea and ocular sclera.
The cornea is a critical component of vision because it provides approximately 2/3 of the refracting power of the whole eye [7] . Diseases such as keratoconus [8] and corresponding therapeutic interventions, such as UV-induced collagen cross-linking (CXL) [9] and Laser-Assisted in situ Keratomileusis (LASIK) surgery [10] , can change the biomechanical properties of the cornea, resulting in a reduction of vision quality. UV-induced CXL is an emerging treatment, which increases the stiffness of the cornea to prevent or significantly slow further degradation from diseases such as keratoconus [11] . Currently, the standard CXL treatment is not customized for individual cases. An optimal CXL treatment would account for preexisting biomechanical properties as well as the changes in elasticity induced by the CXL treatment itself.
Assessing the biomechanical properties of the cornea can significantly improve the detection and severity classification of corneal degeneration caused by several diseases such as keratoconus [12] . Characterizing corneal biomechanical properties has led to the development of adaptive biomechanical modeling for optimization of individual laser ablation procedures [13] and management of CXL therapies [14] . Therefore, a noninvasive method, which can rapidly and quantitatively characterize the biomechanical properties of the cornea with micrometer scale spatial resolution would provide valuable insight into the changes to the cornea caused by diseases and therapeutic procedures and could provide critical information for the selection and timing of therapies.
Several techniques have been proposed to study the biomechanical properties of the cornea. Commercially available devices such as the Optical Response Analyzer (ORA) [15] and CorVis [16] can provide information about the mechanical response of the cornea to an air puff. However, these devices generate large-amplitude deformations, which may induce nonlinear responses, making accurate quantification of biomechanical parameters such as Young's modulus difficult. Furthermore, the large amplitude displacements limit these techniques from characterizing the elasticity of the cornea with high spatial resolution, which can be useful for topographical mapping of the elastic properties of the cornea, such as during selective CXL treatments [17] .
Brillouin microscopy is a noninvasive optical technique capable of providing a depth-resolved map of elasticity distribution of the cornea with micrometer scale spatial resolution [18] , [19] . Brillouin microscopy has been utilized to study the depthresolved micro-scale Brillouin shift of the human cornea in vivo [20] , the effects of CXL on ex vivo porcine corneas [21] , and the effects of keratoconus on the elasticity of human corneal buttons [22] . However, obtaining accurate quantitative measurements of elasticity from the Brillouin shift is still a challenge.
Optical coherence tomography (OCT) is a low coherence interferometric imaging technique, which provides images with micrometer scale spatial resolution [23] . While OCT has limited depth penetration of a few millimeters in scattering media such as tissue, imaging depth is not an issue for the majority of ophthalmological applications due to the relatively high transparency of the eye. Thus, OCT is rapidly becoming a staple in ophthalmology due to its noninvasive nature, rapid imaging speed, and high spatial resolutions in 3-D [24] , [25] . Recent developments in OCT source hardware such as Fourier Domain Mode Locked lasers [26] , [27] , parallel scanning and acquisition techniques [28] , and graphics processing unit (GPU) accelerated software [29] have enabled real-time video-rate 3-D imaging.
OCT-based elastography, termed optical coherence elastography (OCE) [30] , is specifically suitable for obtaining the biomechanical properties of ocular tissues with high spatial and temporal resolution [31] - [34] . Initially, OCE was used to measure the displacement amplitude after static compression loading of the cornea [35] . Ex vivo human corneas in the whole eye-globe configuration were compressed by a standard clinical gonioscopy lens that made contact with anterior surface of cornea. Using 2-D cross-correlation of the OCT structural images, an elastogram based on the displacement amplitude was generated. The axial and lateral displacements were used to determine the heterogeneous mechanical properties within the stroma of the cornea. However, significant artifacts were generated when mapping the corneal biomechanical properties due to uneven distribution of compression stress due to non-uniform contact between the gonioscopy lens and the cornea. This technique was further utilized to investigate the effects of hydration and CXL on human corneas [36] and to characterize the changes in the biomechanical properties of rabbit corneas before and after various CXL techniques [37] , [38] . While contact-based methods have provided valuable information about the mechanical properties of the cornea, noncontact excitation methods are preferable for minimizing patient discomfort in clinical ocular applications.
Consequently, OCE has been combined with noncontact airpuff excitation, similar to the ORA and CorVis, in an attempt to characterize the mechanical properties of the cornea. Quantitative parameters obtained from these spatio-temporally resolved deformations were used to characterize the biomechanical properties of human corneas in vivo [39] . Dorronsoro et al. investigated the use of air-puff OCE to detect changes in the mechanical properties of the cornea before and after CXL treatment of ex vivo porcine corneas in the whole eye-globe configuration [40] . However, due to the large displacement amplitude, these methods lacked the ability to spatially resolve the mechanical properties.
By reducing the amplitude of the excitation, the localized biomechanical properties of the cornea can be obtained by utilizing phase-sensitive OCT signal detection. Analyzing the phase of the complex OCT signal provides nanometer-scale displacement sensitivity [41] , which has enabled ultra-sensitive OCE measurements [42] . Various contact and noncontact methods of stimulation have been utilized to induce micron or sub-micron scale displacements in the cornea [43] - [51] . For example, Li et al. utilized a 532 nm pulsed laser to photothermally induce a surface acoustic wave which was imaged by a phase-sensitive OCE system, and this noncontact all optical method provided a quantitative assessment of Young's modulus based on the velocity of the surface acoustic wave [44] . Manapuram et al. investigated a contact-based phase-sensitive OCE method in vivo by utilizing a wire tip with a contact area of ∼0.6 mm 2 to study the elastic wave velocity and amplitude damping in mouse corneas to quantify how corneal stiffness increases with age [46] . Kling et al. utilized sound to vibrate corneas and generated a map of the resonant frequency of the eye globe. By combining the resonant OCE measurements with numerical modeling, the elasticity of the various parts of the eye, including the cornea before and after CXL, was quantified [43] .
In order to induce small amplitude displacements in the cornea by noncontact loading, we have developed a focused micro air-pulse stimulation technique capable of delivering a short duration pulse (ࣘ1 ms) with adjustable pressure [52] . This excitation method has been used in combination with OCE to study the stiffness of the murine cornea in vivo [50] and for spatially mapping the elasticity of ex vivo rabbit corneas after CXL [17] , [53] . This method was further developed by synchronizing the air-pulse stimulation with the OCT system, allowing for depth-resolved visualization and analysis of the elastic wave propagation in the cornea at a high equivalent frame rate [48] . The group velocity of the air-pulse induced elastic wave was used to quantify the Young's modulus [45] , and spectral analysis revealed the depth-wise micro-scale elasticity distribution of the various layers of the cornea [51] . Furthermore, the phase velocities obtained over the bandwidth of the air-pulse excitation were used in conjunction with a modified Rayleigh-Lamb Frequency Equation (RFLE) to provide a more robust assessment of corneal viscoelasticity [54] as compared to Young's modulus quantifications based solely on the group velocity [55] . While these techniques have provided valuable information about the biomechanical properties of the cornea, they were predominantly focused on unidirectional investigations. It is well understood that the corneal mechanical properties are not homogeneous or isotropic [19] , [56] , [57] . Therefore, unidirectional assessments provide incomplete information about the biomechanical properties of the cornea.
In this study we have utilized a phase-stabilized swept source OCE (PhS-SSOCE) system, which was comprised of a phasestabilized swept source OCT (PhS-SSOCT) system [58] and a focused air-pulse delivery device [52] , to quantify the elasticity of agar phantoms and a porcine cornea before and after CXL in multiple radial directions. Because of the sub-micrometer scale displacement sensitivity of PhS-SSOCE, the focused air-pulse induced displacement amplitude was minimal (ࣘ10 μm). The small force required to induce the displacements ensured that the structure and function of the delicate corneal tissue was preserved. The combination of noncontact air-pulse excitation and PhS-SSOCE measurement is potentially useful for studying the biomechanical properties of the cornea and other ocular tissues in vivo.
II. MATERIALS AND METHODS

A. OCE Experimental Setup
The PhS-SSOCE system was comprised of two primary subsystems: a home-built PhS-SSOCT system [58] and a focused air-pulse delivery device [52] . A schematic of the PhS-SSOCE experimental setup during the ocular experiments is shown in Fig. 1 . The PhS-SSOCT system was composed of a broadband swept source laser (HSL2000, Santec, Inc., Torrance, CA, USA) with a central wavelength of ∼1310 nm, scan range of ∼150 nm, A-scan rate of 30 kHz, and output power of ∼36 mW. The output light was split into the imaging interferometer and a fiber-Bragg grating, which was utilized for A-scan triggering and phase stabilization. The interferometer was comprised of two arms: a reference arm and a sample arm. The OCT probe beam at the sample arm was scanned in two dimensions by a pair of galvanometer-controlled mirrors. The backscattered light from the sample arm was combined with the reflected light from the reference arm, and the subsequent interference pattern was detected by a balanced photodetector. An analog-to-digital converter digitized the fringe, which was resampled into linear k-space. A single depth-resolved A-line was obtained by performing an FFT on the linear k-spaced fringe. The axial resolution of the OCT system was ∼11 μm in air as calculated from point spread function of intensity peak from a mirror image, and the lateral resolution was ∼16 μm as determined from an image of a US Air Force resolution target. The phase stability of the system was measured as ∼16 mrad, which corresponded to ∼3 nm in air.
The home-built focused air-pulse delivery system induced the elastic waves in the samples by delivering a short duration (ࣘ1 ms) air-pulse to the surface of the sample, which then propagated as an elastic wave [52] . The air-pulse delivery system was comprised of an electronic solenoid controlled air-pulse port and controller. The air source pressure was controlled from the air supply by a standard pressure gauge. The air-pulse was expelled through a cannula port with an inner diameter of ∼150 μm and a flat edge. The air-pulse port was positioned precisely using a 3D micromanipulator. The port had an incidence angle of ∼30°a nd was kept ∼350 μm from the surface of the samples.
B. OCE Data Acquisition
A 2-D grid of M-mode scans (M-B mode) was captured as shown in Fig. 2 . The acquisition grid was 101 × 101 points (7.2 × 6.1 mm) for the agar samples, and 51 × 51 points (8.3 × 6.1 mm) for the corneal samples. To ensure that the entire elastic wave propagation was captured, each M-mode acquisition consisted of 3000 A-lines, which corresponded to 100 ms (resulting in ∼15 min total acquisition time for cornea). By synchronizing the M-mode frame trigger with the air-pulse delivery device, the OCT system effectively imaged the elastic wave propagation by utilizing phase information of the complex OCT signal [48] , [59] . Phase data from the intensity values that were above 5 dB from the noise floor were used to track the displacements. The air-pulse port was aligned along the central longitudinal axis to provide an unobstructed 180°view of the elastic wave propagation.
C. OCE Data Processing and Reconstruction
The OCT structural image was utilized to locate the sample surface for correction due to surface motion and refractive index mismatch between air and the sample [60] . The raw unwrapped vertical temporal phase profiles, ϕ(t), were converted into displacement profiles for the surface of the sample by [61] :
for inside the sample, where λ 0 was the central wavelength of the OCT system and n sample was the refractive index of the sample (n sample = 1.35 for the agar phantoms and n sample = 1.376 [62] for the cornea). Phase unwrapping was performed by the inbuilt unwrap command in MATLAB with a phase shift tolerance of pi.
D. Velocity Calculations
For each sample, the elastic wave group velocity was calculated depth-wise for each possible radial angle originating at the excitation position. For a given depth and given OCE measurement position, cross-correlation was performed between normalized displacement profiles from that given position and a location near the excitation. The elastic wave propagation time delay was then obtained from the maximum of the resulting cross-correlation. The time delays were then linearly fitted to the corresponding propagation distances to obtain the elastic wave propagation velocity [63] . This procedure was then repeated for each depth and angle. During all calculations, the real propagation distances, as determined from the structural OCT image, were used to ensure accuracy of the elastic wave velocity calculation. This process was repeated for each imaged in-depth layer and also repeated for each radial angle.
The Young's modulus was quantified by [33] , [34] , [45] , [52] , [55] , [64] :
where ρ was the density of the material (ρ = 1000 kg/m 3 for the agar phantoms and ρ = 1062 kg/m 3 for the cornea [65] ), ν = 0.49 was the Poisson's ratio to account for the nearly incompressible nature of the phantoms and corneas [66] , and c g was the elastic wave group velocity. Spectral analysis was utilized to provide depth-resolved elasticity mapping [51] . For each in-depth layer for all radial directions, an FFT was performed on the temporal phase profiles at each OCE measurement position to obtain a phase shift, Δθ, for each FFT frequency bin. The phase velocity, c p (f ), at frequency f was obtained by linear fitting the phase shifts to the corresponding distances of the OCE measurement positions by c p (f ) = 2πf Δr/Δθ.
E. OCE Validation on Tissue-Mimicking Phantoms
Homogeneous tissue-mimicking phantoms (1% and 2%, w/w) were prepared by standard methods from powdered agar (AG110, Spectrum Chemical Manufacturing Corp., Gardena, CA). The agar phantoms were cast in standard culture dishes, with diameter of 50 mm and height of 11 mm. The phantoms were then refrigerated for 2 h at 4°C. Special care was taken to ensure no bubbles were formed. Before the OCE measurements, the phantoms were allowed to come to room temperature. During the OCE measurements, the agar phantoms were kept in their molds and excess water was removed from the surface. All OCE measurements were taken in the central region of the sample to minimize the influence of the boundaries. The agar phantoms were also tilted to reduce the presence of specular reflections and subsequent saturation artifacts.
To test the validity of the OCE technique on the agar phantoms, uniaxial mechanical testing (Model 5943, Instron Corp., MA, USA) was performed on the same phantoms immediately after the OCE experiments were concluded. The agar phantoms were pre-loaded with 0.04 N and compressed at a rate of 2 mm/min. Compression was stopped at strain = 0.2 and the Young's modulus was calculated automatically by the instrument software.
F. Porcine Cornea Samples
Whole juvenile porcine eyes were obtained fresh from SiouxPreme Packing Co. (Sioux Center, IA, USA). Extraneous tissues such as the epithelium and ocular muscles were removed before the samples were imaged. The porcine eye was placed in a custom-made eye holder in the whole eye-globe configuration during all OCE experiments. The eye holder had two holes to accommodate cannulation needles, which were used for artificial intraocular pressure (IOP) control [53] . One needle was connected via tubing to a pressure transducer, and the other needle was connected via tubing to a micro-infusion pump. The pressure transducer and pump formed the closed-loop artificial IOP control system, and a physiological IOP of 15 mmHg was maintained during all OCE experiments [49] .
Riboflavin/UV-A CXL was performed as described in our previous work [53] . Briefly, a 0.1% riboflavin solution in 0.9% phosphate buffered saline without Dextran was applied to the corneal surface every 5 min for 30 min. After hydration, the cornea was irradiated by ultraviolet light (365 nm, 7 mm beam diameter, 3 mW/cm 2 intensity) for 30 min. The riboflavin solution was reapplied every 5 min during the CXL irradiation process. Immediately after the CXL procedure was completed, the OCE measurements were repeated.
III. RESULTS
A. Agar Phantoms
Video 1 shows the propagation of the elastic wave at 1000X slower than actual speed in the 1% (left) and 2% (right) agar phantoms with various views (3-D, en-face, single plane aligned with the excitation, and single transverse plane near the excitation). Multiple views of the elastic wave propagating through the (a)-(d) 1% and (e)-(h) 2% phantoms at 2 ms after excitation are illustrated in Fig. 3 . From the wavefront (shown by the shift between red and blue), the elastic wave propagated ∼3 mm in the 1% agar phantom and greater than 7.2 mm (beyond the imaging field of view) in the 2% agar phantom. Please note that the color scales are not identical as the elastic wave amplitude was smaller in the 2% phantom as compared to the 1% phantom, and that the phase data immediately proximal to the excitation was removed due to phase unwrapping errors.
The elastic wave propagation time delay maps from a selected imaged in-depth layer for the 1% and 2% agar phantom are shown in Fig. 4 . The color axes for the wave propagation delays are the same to provide a direct comparison between the elastic wave propagation delays in the 2% phantom as compared to the 1% phantom. From the wavefront, it can be seen that the elastic wave took ∼3 ms to propagate ∼7 mm in the 1% phantom, but took ∼1 ms to propagate the same distance in the 2% phantom. Fig. 5 plots the depth-wise means of the elastic wave velocity for each radial angle for the 1% and 2% agar phantoms. The elastic wave group velocity was faster in the 2% phantom as compared to the 1% phantom, where the angle-wise mean group velocity in the 1% phantom was 1.9 ± 0.1 m/s and was 5.8 ± 0.3 m/s in the 2% phantom. Using (3), the Young's modulus of the phantoms is plotted for each angle in Fig. 6 . The mean elasticity as measured by OCE of the 1% and 2% agar phantoms was 12.4 ± 0.7 and 109.7 ± 11.0 kPa, respectively. The elasticity of the agar phantoms measured by uniaxial mechanical testing was 17.5 ± 1.5 kPa for the 1% phantom and 127.5 ± 9.7 kPa for the 2% phantom. A comparison of the elasticity as assessed by OCE and as measured by mechanical testing is plotted in Fig. 7 .
B. Porcine Corneas
Video 2 shows the elastic wave propagating through the porcine cornea before (left) and after (right) CXL treatment with Fig. 7 . Elasticity of the agar phantoms as measured by OCE (n = 151 propagation angles and averaged from all angles) and as measured by uniaxial mechanical testing (n = 3 samples). The error bars for OCE indicate interangle standard deviation, and the error bars for mechanical testing indicate inter-sample standard deviation. different views (3-D, en-face, single longitudinal plane aligned with the excitation, and single transverse plane near the excitation) at 1000X slower than the actual speed. From the wavefront (shown by the boundary between the red and blue), it can be seen that the elastic wave propagated ∼3.3 mm in the untreated cornea at 2.5 ms after excitation. In contrast, the elastic wave propagated ∼8.3 mm in the cornea after the CXL treatment, demonstrating that the elastic wave is significantly faster in the CXL cornea. Fig. 8 shows the elastic wave propagation in the (a)-(d) untreated and (e)-(h) CXL porcine cornea 2.5 ms after excitation. Please note that the color scales are not the same because the elastic wave amplitude was smaller in the cornea after CXL. Similar to the agar phantoms, the phase data near the excitation was removed due to phase unwrapping errors.
The elastic wave propagation delay maps obtained by crosscorrelation analysis for a selected imaged depth layer of the porcine cornea before and after CXL are shown in Fig. 9 The velocity of the elastic wave at each radial angle is plotted in Fig. 10 . The angle-wise mean of the elastic wave velocity was 1.3 ± 0.1 m/s before the CXL treatment and 3.5 ± 0.1 m/s after the CXL treatment. Fig. 11 shows the Young's modulus versus propagation angle for the porcine cornea (a) before and (b) after CXL. The Young's modulus of the porcine cornea as quantified by (3) was 5.9 ± 0.6 kPa and 43.9 ± 3.5 kPa before and after the CXL treatment, respectively. Utilizing the phase velocities, three major regions of the cornea could be discerned: anterior stroma, posterior stroma, and inner region, as plotted in Fig. 12 . Fig. 12(a) shows the phase velocity at 234 Hz versus depth in the porcine cornea and the three major discernable regions. Fig  12(b) shows the phase velocities of the untreated porcine cornea for the three regions at selected frequencies corresponding to the predominant spectral components of the elastic wave.
IV. DISCUSSION
In this work, we have shown a noncontact method of OCE by imaging the propagation of an elastic wave in radial directions. The group velocity of the elastic wave was utilized to quantify Young's modulus in tissue-mimicking phantoms of various concentrations. Depth-resolved characterization of elastic wave was obtained via spectral analysis in ex vivo porcine cornea in the whole eye globe configuration before and after CXL. The results show that PhS-SSOCE is capable of quantifying the changes in the elasticity of the cornea after CXL and characterizing the micro-scale depth-resolved elasticity distribution of the porcine cornea.
The sensitivity of the method for Young modulus calculations relies on the OCE ability to resolve small changes in the elastic wave velocity. Specifically, the smallest Young's modulus this method can resolve is governed by minimum wave velocity that could be measured and it depends on how long the frame data could be acquired. The highest stiffness that the system can measure is, however, affected by the A-scan rate, the range of OCT B-mode image acquisition, and elastic wave propagation distance. Thus, assuming an elastic wave propagation distance of 6 mm, a sample material density of 1062 kg/m 3 [65] , and a Poisson's ratio of 0.49 for cornea, the dynamic range of the Young's modulus will be ∼17 Pa to ∼6 MPa for these measurements. However, there is a tradeoff between acquisition time and dynamic range of the measurements due to M-B mode imaging. The accuracy of the Young's modulus quantification depends on SNR of the system and OCT image, temporal resolution of the system, and displacement amplitude. For example, as shown in Figs. 5-7 , an increase in the elastic wave velocity decreased the number of data points available for quantification of its velocity (due to fixed temporal resolution of the system) thus decreasing the accuracy. Again, improving the frame rate of OCT system, reducing phase noise, and increasing amplitude of deformations will increase the accuracy of the Young's modulus quantification.
In this work, an air-pulse stimulation was required for each OCE measurement position to image the elastic wave propagation in multiple radial directions. However, due to the small pressure required to induce the displacements (∼4 Pa), the corneas incurred no detectable damage, but a notable downside was the extended acquisition time. Further optimization of the acquisition software would enable an acquisition time of less than 10 ms for each OCE measurement position, but would still require an excitation for each OCE measurement position, which results in an intrinsic tradeoff between lateral spatial resolution and acquisition time.
The described technique of M-B mode of signal acquisition results in relatively long measurements times to quantify elastic wave velocity in multiple radial directions (up to 15 min in cornea samples). Recently, we have introduced a phase-sensitive OCE technique at a ∼1.5 MHz A-scan rate where only a single stimulation was required [67] . The elastic wave was directly imaged in tissue-mimicking phantoms and an ex vivo porcine cornea at various IOPs in the whole eye-globe configuration, and the total acquisition time was only ∼30 ms. Here, successive B-scans were acquired over a region (B-M mode) to obtain elasticity assessment in a single direction. By extrapolating the B-M scanning to image the elastic wave propagation in radial directions, performing spectral analysis, and utilizing GPU accelerated OCE [68] , a 3D elastogram could be generated in less than a second.
Other methods of excitation such as acoustic radiation force loading or mechanical stimulation could be utilized to produce harmonic waves of adjustable wavelength, increasing the spatial elasticity resolution [59] , [69] . However, for clinical ocular applications of OCE, noncontact excitation methods would be preferable as they minimize patient discomfort.
The results shown in Fig. 7 demonstrate that the elasticity of the agar phantoms was underestimated by equation (3) as compared to mechanical testing. This may be due to the fact that equation (3) relies on a half-infinite depth assumption [70] , [71] . The elastic wave velocity should be slower in a thin plate as compared to infinite half-space, resulting in an underestimation of elasticity as compared to mechanical testing. The phantom thickness was 11 mm, which does not strictly satisfy the infinite depth restriction. Nevertheless, equation (3) was still able to provide a rapid first order elasticity approximation of tissuemimicking agar phantoms with reasonable error. However, the geometry and boundary conditions for the cornea might further deviate from these requirements and more robust mechanical models are required to correctly quantify its elasticity.
In addition to changes in elasticity, the corneal thickness shrank from ∼1 mm before the CXL treatment to ∼0.6 mm after the CXL treatment. We have recently demonstrated using finite element modeling coupled with OCE experiments that the group velocity changes with change in thickness, when all other parameters are kept constant [66] . Therefore, the effects of thickness on the measured elasticity will need to be decoupled or integrated in order to obtain an accurate elasticity assessment of the cornea.
We have previously developed a method of obtaining the viscoelasticity of the cornea by utilizing a modified RLFE, which was adjusted to include the effects of the solid-fluid boundary at the corneal posterior surface [54] . While this model incorporated the thickness of the cornea, it neglected the curvature of the cornea by assuming the cornea was a thin plate in infinite half-space. Most recently, we have also demonstrated that the curvature of the cornea can affect the measured group velocity [66] . As the phase velocities are merely spectral decompositions of the group velocity, the phase velocities would similarly be affected. Developing a robust model, which can incorporate the true geometry of the cornea, is the subject of our current investigation.
The stress-strain curve for the agar phantoms has a characteristic non-linear "J" shape [55] . Therefore, the elasticity will vary depending on which strain is chosen to calculate Young's modulus. To test this, we have calculated the stiffness of the agar samples at various strains (0.01, 0.05, 0.1, and automatically provided by the instrument software, data not shown). The Young's moduli that were provided automatically by the instrument (17.5 ± 1.5 and 127.5 ± 9.7 kPa for the 1% and 2% phantoms, respectively) were similar to the measurements at strain = 0.1. However, the range of Young's moduli over the aforementioned strains were quite large. For example, the mean Young's moduli at strain = 0.01 were 13.7 ± 8.1 and 29 ± 8.7 kPa for the 1% and 2% phantoms, respectively. In contrast, at strain = 0.1, the Young's moduli for the 1% and 2% phantoms were 27.3 ± 8.5 and 122.5 ± 0.7 kPa, respectively. Our previous work has shown that (3) underestimates the elasticity of agar phantoms when compared to measurements provided by uniaxial mechanical testing [55] . Similar to the agar phantoms, the cornea also has non-linear biomechanical properties [11] , [72] , [73] . Consequently, the values for the Young's modulus of the cornea reported in the literature span a wide range-from less than 1 kPa to greater than 1 MPa depending on the measurement method and the test conditions [11] , [72] , [73] , [74] .
The small variation in measured elastic wave velocities between the anterior and posterior cornea as measured by OCE in situ (see Fig. 12 ) is similar to in situ measurements made by Brillouin spectroscopy [19] - [22] . Direct mechanical testing of different isolated layers of the cornea has shown that there is a large variation in mechanical properties between the anterior and posterior sections of the cornea [75] , [76] . However, mechanical tests cannot be directly compared to the presented in situ tests as, for example, the "equivalent" IOP during uniaxial mechanical test is significantly higher [77] .
Quantitative depth-resolved elasticity maps of the cornea currently could not be obtained directly from in-depth distribution of the phase velocities. Extrapolating our previously developed modified RLFE [54] to a multi-layered geometry would produce more unknowns than equations making the system unsolvable. Development of a multi-layered model that correctly incorporates the boundary conditions between the layers of the cornea yielding depth-resolved viscoelastic quantifications is currently in progress.
The presented technique may be able to reveal the mechanical anisotropy of the cornea, which has been shown previously [56] , [78] , [79] . In the untreated cornea at 15 mm Hg IOP, the mechanical anisotropy of the cornea was not evident using the current approach. Similarly, supersonic shear wave imaging has shown that the anisotropy of the cornea is minimal at lower IOPs, but becomes apparent once the IOP is raised above the physiological range [56] . After CXL, some elastic anisotropy can be seen. As shown in Figs. 10(b) and 11(b) , the elastic wave velocity and Young's modulus in the transverse directions are slightly larger than in the longitudinal direction. Future work will further investigate alternative methods to assess tissue anisotropy and the effects of IOP and CXL on the mechanical anisotropy of the cornea.
V. CONCLUSION
In this study we have shown a noncontact OCE method, which was able to image the propagation of an elastic wave in multiple radial directions. The elasticity of tissue-mimicking phantoms of various concentrations and an ex vivo porcine cornea before and after CXL treatment was quantified. The 2% tissue-mimicking agar phantom was ∼9X stiffer than the 1% phantom, which was validated by uniaxial mechanical testing. The Young's modulus of the cornea increased ∼7.4X after the CXL treatment. Although depth-wise variations in elasticity of the porcine cornea could not be resolved from the group velocity, spectral analysis revealed the layers of the corneal superstructure. Due to the noncontact excitation and imaging, this method may be useful for studying the biomechanical properties of soft tissues in three dimensions in vivo. 
